Introduction
To date, few neuroanatomical computational models have appeared and their validation has generally been relegated to ex vivo experimentation. In fact, constitutive relationships developed for brain tissue have predominantly relied on ex vivo mechanical testing of brain sections, although some in vivo observations have been performed ͓1,2͔. There is little doubt that mechanical properties and behavior would change under in vivo conditions, and proponents of ex vivo testing readily acknowledge this as a limitation in their work ͓3͔. More importantly, relying on ex vivo experimentation may detract from an accurate representation of the continuum due to the loss of vital physiological processes which occur in living tissues. To date, most efforts based on ex vivo testing have focused on creating viscoelastic mass/spring/ damper models to replicate transient behavior generated experimentally ͓3-8͔. Further, a majority of computational models have been concerned with rapid loading rates representing vehicleimpact conditions ͓9-13͔. In this paper, we focus on loads consistent with neurosurgical procedures such as tissue retraction, which have slow loading rates compared to those of sudden impact problems.
The clinical motivation for developing a model that represents tissue mechanical responses to neurosurgical events is provided by a growing interest in image-guided procedures for open-cranial surgeries ͓14͔. Current image-guided systems are based on preoperative imaging studies; however, it is now recognized that the brain moves substantially during surgery ͓15,16͔, causing significant misregistration between the physical operating room ͑OR͒ space and the virtual image space, thus increasing the potential for surgical error. While full volumetric imaging in the OR is one solution to the misregistration problem ͓17,18͔, an alternative strategy is to deploy a computational model that adaptively responds to the OR environment to update the preoperative images, intraoperatively ͓19͔. To update images effectively in the OR, a mathematical model is required that captures a sufficient amount of the bulk brain deformation without becoming encumbered by micromechanical tissue responses, which rapidly escalate model complexity in terms of both the number of unknown tissue property parameters and overall computational costs.
In the surgical context, soft tissue models can be separated into three broad categories which invoke: ͑1͒ viscoelastic relationships ͓3,8͔, ͑2͒ biphasic descriptions based on mixture theory ͓20-23͔ or ͑3͒ porous media representations ͓24-31͔. Currently, there is no consensus within the biomechanics community as to the optimal model for hydrated soft tissue. Mow and colleagues have generated an extensive body of work using biphasic theory ͓20͔. However, Miller and co-workers have also done extensive ex vivo testing ͓3,8͔ and have demonstrated some fundamental limits to biphasic descriptions ͓32͔. Undoubtedly there is viscoelastic behavior in tissue, but the extent to which viscoelastic constitutive relationships represent both acute and chronic tissue responses must be critically evaluated and is sure to vary across tissue types. With respect to brain tissue modeling at loading rates consistent with surgery, it would seem that purely viscoelastic descriptions would be limited, given the hydrated nature of the brain and inherent coupling between deformation and hydrodynamic behavior ͓33-35͔. In principle, the mixture and porous-media models are similar in that they consider the continuum as biphasic; however, conceptually they are quite different. Mixture theory uses two continuum descriptions of two separate phases, which come to equilibrium through their interaction within a control volume. Porous-media models reflect a single continuum in which the dynamics are affected by changes in its hydration or loading conditions.
The purpose of this paper is to provide information on the relationship between pressure gradient and tissue deformation by comparing finite element calculations with pressure/displacement data measured in vivo under controlled loading conditions. Specifically, we use a consolidation model ͓31͔, which has been extensively characterized with respect to its predictive capability for subsurface deformation induced during in vivo experiments using a balloon catheter ͓31,36͔ and piston-delivery system ͓37͔. Here, we investigate the transient behavior of interstitial pressure as it develops in the brain when subjected to the same acute ͑slowly applied, short duration͒ load. A gross pathological examination of the tissue post-mortem is also presented, which shows that the experimental protocol causes minimal trauma. Results demonstrate that porous-media consolidation captures the dominant hydraulic behavior of brain tissue when subjected to acute loads applied at rates consistent with surgery. Working values for hydraulic conductivity for white and gray matter are also provided by performing data-model match calculations. Additionally, an assessment of acute pressure gradient effects with respect to loadinduced deformation is presented.
Materials and Methods
Experimental System. An in vivo experimental porcine protocol has been developed that is intended to be representative of clinical conditions during surgery. The subjects are approximately 17-21 kg ͑Yorkshire pigs from Parson's Farm, Hadley, MA͒ and all procedures have been approved by the Institutional Animal Care and Use Committee at Dartmouth College. The details of this experimental system as well as the sources and impact of experimental error have been described elsewhere ͓36,37͔ but are briefly reviewed here for completeness. For induction of anesthesia, ketamine and xylazine ͑20 mg/kgϩ2mg/g IM͒ are given followed by atropine, which is administered in a dose 0.04 mg/kg IM to reduce bradycardia and salivation. The animal is intubated and placed on isoflurane ͑1-4 percent͒ in 100 percent oxygen with assisted ventilation. The surgery involves the implantation of small 1 mm stainless steel beads directly into the parenchyma in a gridlike fashion ͑3-5 mm separation between bead tracks͒. Figure  1 presents fluoroscope films showing the needle used for implantation inserted into the cranium. Figure 1͑b͒ is a follow-up film of the area selected in Fig. 1͑a͒ after the needle has been withdrawn, showing several beads in place. Bead positions are monitored via the fluoroscope throughout the implantation procedure, and those beads that do not remain fixed are discarded from the study. We should also note that the bead markers shown in Fig. 1͑b͒ while at the same depth are in separate sagittal planes approximately 5 mm apart. In a typical implant, approximately 20 markers are inserted with 1-3 of the 20 being discarded due to fixation problems. A surgical load is imparted with a temporally located cylindrical piston ͑1.5 cm diameter͒ attached to a customized stereotactic frame, which translates uni-axially against an intact dura through a temporal craniotomy as described in Miga et al. ͓37͔ . Prior to any loading, a baseline CT scan is acquired. Piston translation increments of 2 and 4 mm are then imparted at loading rates of approximately 1 mm/s with a CT scan performed after each advancement; this provides coregistered ͑pig cranium remains in stereotactic frame throughout experiment͒ motion tracking of the implanted beads and piston front. We should also note that although piston deformation is not exactly analogous to surgical retraction, our goal is to produce deformation magnitudes similar to those imparted during surgery and to do so in a very controllable manner. In addition to monitoring bead movement, interstitial pressure is recorded during each experiment using the Johnson & Johnson Codman Microsensor ICP Transducer ͑Raynham, MA, Part No. 82-6631͒. In this series of experiments, one sensor was placed in each hemisphere ͑located frontally͒ and pressure measurements were made continuously through all piston displacements. Experimental error from bead displacement measurement and registration between MR ͑for model construction͒ and CT volumes is approximately 0.5 mm and 0.3 mm, respectively ͓36͔. Interstitial pressure transducers were calibrated with a column of water and have an error of Ϯ1 mmHg.
Computational Geometry Generation. Prior to surgery, a detailed MR series is taken of the pig cranium. These scans guide the FEM discretization process, which begins by segmenting the region of interest, i.e., the brain. Following this extraction, a marching cubes algorithm is used to generate a surface description consisting of triangular patches ͓38͔. Customized software gener- ates a volumetric tetrahedral mesh using this patch description to define the final computational domain ͓39͔. Typical meshes of the brain contain 19,000 nodes and 100,000 elements. After generating the mesh, each element is found in the MR image volume and an average intensity value is calculated in order to define its tissue composition ͑at this stage we have limited heterogeneity to white and gray matter which is determined through MR intensity thresholding͒ as described in previous work ͓36͔. An example of the typical computational geometry complete with white/gray matter segmentation is shown in Fig. 2 . After the model has been constructed, the CT and MR spaces are coregistered so bead positions can be located in model-space. Similarly, displacement and angle of the piston can also be registered in model space for application of boundary conditions.
Pathological Examination
At the conclusion of each experiment, the pig was sacrificed, the brain harvested and immediately immersed in formalin. Three brains have been sectioned in approximately 3 mm coronal slices and photographed ͑Fig. 3͒. Although we made no systematic attempts to quantify the amount of brain edema, no obvious signs of hemorrhage or significant edema around the implanted beads or other areas of invasion were noted. Additionally, no obvious signs of brain swelling between hemispheres as a result of the surgery or experiment were observed. Minimal amounts of hemorrhage were present along the bead insertion tracks. There is little question that minimal focal edema was almost certainly present along the tracks and around the beads, but the complete lack of grossly observable tissue alterations suggests that experimentally induced tissue changes were minimal. We feel that these studies ͑along with the fluoroscopic image series͒ demonstrate that the beads are well affixed to the tissue and move very little, if any, relative to the tissue following implantation ͑lower two subfigures in Fig. 3͒ . Additionally the results suggest that the surgical and experimental protocols we used had little trauma-induced influence on brain deformation characteristics and that the lack of significant edema Transactions of the ASME and hemorrhage around the bead insertions, or along the track, indicate that this technique is an excellent and reproducible method for tracking tissue motion in the brain.
Computational Model
In previous work, we have developed and validated a porousmedia consolidation model by demonstrating the degree to which it captures brain tissue deformation when subjected to piston loads ͓31,37,40͔. The model is an adaptation of Biot's description of consolidation theory ͓41͔ consisting of a solid tissue matrix and an interstitial fluid. The solid parenchymal component is considered isotropic and follows small strain approximations, i.e., Hooke's law, and the interstitial fluid flows in accordance with Darcey's law, which states that the velocity of the interstitial fluid is linearly proportional to the pressure gradient acting across the tissue volume. The consolidation of tissue when subjected to load is then characterized by an instantaneous deformation at the contact area followed by subsequent subsurface movement dependent on interstitial drainage. The governing equation describing mechanical equilibrium is,
where G is the tissue shear modulus (GϭE/2(1ϩ), with E being Young's modulus͒, is Poisson's ratio, ␣ is the ratio of fluid volume extracted to volume change of tissue under compression, ⑀ is the volumetric strain ͑⑀ϭٌ•u͒, u is the displacement vector, and p is the interstitial pressure, which is coupled to a mass conservation equation relating changes in volumetric strain to changes in hydration level,
where k is the hydraulic conductivity, and 1/S is a void compressibility constant. In the computations reported here, we have adopted the convention that the interstitial fluid is incompressible and saturates the tissue, which translates to a simplified form of Eq. ͑2͒, where 1/Sϭ0 and ␣ϭ1. The field equations are solved using the Galerkin finite element method with linear tetrahedral elements and an iterative matrix solver ͓42͔. The details of a weighted residual formulation of Eqs. ͑1͒ and ͑2͒ have been presented previously, along with a derivation of the boundary integrals in terms of normal stresses, which are the natural boundary conditions for these equations ͓31͔. In addition, a stability analysis has been completed on a twodimensional form of the equations, showing that in the case of saturation with an incompressible fluid ͑i.e., 1/Sϭ0, ␣ϭ1͒, the time-stepping scheme must be fully implicit in order to avoid all temporal oscillations in the pressure distribution ͓43͔. We have compared our computations to literature benchmark problems in two and three dimensions and have found our model to be highly accurate ͑1-2 percent errors for discretization used͒ ͓31͔. Additionally a mesh convergence study has been performed. In this case, a finite element model of a pig brain experiencing a piston deformation source was increasingly discretized and points located axially along the piston translation trajectory were compared at six different discretization levels. Values of total displacement and pressure as a function of resolution and distance to the deformation source demonstrated that at coarse discretization ͑less than 5000 nodes͒, a maximum variance of 1 mm, and 2 mmHg occurs, respectively, while at greater resolution ͑greater than 16,000 nodes͒ the variance shrinks to less than 0.1 mm, and 0.3 mmHg, respectively. In all studies reported in this paper, approximately 18,000-19,000 nodes were employed; hence, we expect discretization errors to be essentially nonexistent in the results presented here.
The boundary conditions used in the computational model for this case were similar to those used successfully in a prior study ͓37͔. The large outer cortical surface ͑Fig. 4, Surface 1͒ has been prescribed as being fixed and impermeable to fluid drainage. The area of piston application ͑Fig. 4, Surface 2͑a͒͒ uses the known piston displacements of 4 mm, 8 mm, 10 mm, 12 mm, and 14 mm ͑in some cases there was a small initial offset 0.8Ϯ0.5 mm on average͒. Realistic interstitial pressures determined from a calibration curve derived in previous work from a three repeatexperiment database are applied at the piston surface as a function of piston displacement ͓37͔. The area surrounding the piston ͑Fig. 4, Surface 2͑b͒͒ acts as a stress-free surface allowing displacement but not fluid drainage, which is reflective of a closed but tenting dura. The choice of leaving the dura closed was driven by a desire to minimize surgical problems that could arise from resecting the dura, e.g., inadvertent severing of cortical blood vessels or damage of tissue. The effect of an open dura would be reflected in the boundary pressure data by allowing areas around the piston to drain fluid. The brain stem ͑Fig. 4, Surface 3͒ has a normalized interstitial pressure designated as 0 mmHg ͑reflecting resting interstitial pressure conditions͒. This induces a gradient across the brain where drainage occurs at the brain stem. Additionally, this surface is free to move, which reflects clinical conditions related to brain herniation along the spinal column.
Although the boundary conditions described above are rather straightforward, there is another portion of the surface ͑Fig. 4, Surface 4͒ for which appropriate boundary conditions are much less apparent. On this contralateral surface a new boundary prescription was constructed that assumes the deformation in the farfield will be very small and that subdural spaces will not be filled with deformed tissue. Further, in response to rising strain-induced interstitial pressures, we hypothesize that drainage via the subarachnoid space surrounding the brain will be increased ͑mani-fested in the model by a larger hydraulic conductivity at the interface between interstitial and subdural spaces͒ in areas of minimal deformation, i.e., the contralateral sulci and subdural spaces. Our own data ͓37͔ have shown that beads implanted in the hemisphere opposite to the induced deformation move nominally or not at all, yet the pressure recordings reported ͑below͒ indicate a strain-induced pressure gradient developing laterally across hemispheres comensurate with the movement of interstitial fluid in this direction. Evidence in the literature also supports this hypothesis through the related phenomenon of infusion-induced swelling. Marmarou et al. ͓44͔ demonstrated in a feline brain that resolution of infusion-induced edema in an acute stage occurs predominantly through cerebrospinal fluid ͑CSF͒ pathways rather than vascular clearance. Similarly, we suggest that CSF pathways in the minimally deformed hemisphere will try to clear the rising strain-induced pressures in the brain. This phenomenon is represented by the boundary condition located at the temporal lobe contralateral to the piston ͑Fig. 4, Surface 4͒. It describes the drainage on that surface as a function of the interstitial pressure, specifically
where k b represents the hydraulic conductivity between interstitial and subdural spaces, p s is the subdural pressure, and p is the interstitial pressure calculated by the model. The boundary was given a hydraulic conductivity, which was an order of magnitude larger than the largest tissue value, in order to allow fluid to drain more readily outside the temporal lobe ͑value used was k b ϭ5.0 ϫ10 Ϫ09 m 3 s/kg͒. The subdural pressure, p s , was chosen to be the same as the normalized pressure designated at the brain stem, 0 mmHg.
The recent work of Wolfla et al. ͓45,46͔ shows that significant transient pressure gradients occur under acute deformation. In our model, the lateral distribution reported can be simulated with the new boundary condition by producing the spatial distribution in the gradient field needed to replicate the measured behavior. The use of heterogeneous hydraulic conductivities between white and gray matter enabled the simulation of the measured transient decay characteristics in the data reported herein. The material properties deployed in these calculations were E w ϭE g ϭ2100 Pa, w ϭ g ϭ0.45, k w ϭ1.0ϫ10 Ϫ10 m 3 s/kg, k g ϭ5.0ϫ10 Ϫ12 m 3 s/kg where w and g refer to white matter and gray matter, respectively. We note that these values are well within physiological ranges of reported estimates in the literature ͓24,27,30͔. Stiffness properties for the model were based on previous work, which determined the best data-model match to occur at a Young's Modulus of 2100 Pa and a Poisson's ratio of 0.45 under assumptions of elastic homogeneity ͓36,47͔. Computational parameters were dtϭ180 s and # stepsϭ5. Figure 5 illustrates the typical location and CT signature of the Codman ICP probes. The anterior edge of the temporally positioned piston can also be seen in contact with the brain surface. The results from the three experiments are presented in Fig. 6 and in Table 1 . In Fig. 6 the data from each experiment are observed to have the same characteristic trend in which there is a pressure spike with each successive piston advancement followed by an approximate 10-15 minute transient decay to a new quasi-steadystate pressure. Also, the pressure gradient between hemispheres increases as the displacement increases with the direction of the gradient pointing away from the piston toward the opposite hemisphere ͑i.e., higher pressure in the same hemisphere as the piston͒. Table 1 quantifies the bead trajectory displacement data. Each experiment had approximately 19 beads that met surgical fixation requirements and Table 1 shows average displacements ranging from 1.2-4.3 mm over the five piston pushes with maximum displacements ranging from 3.5-9.5 mm. Although the spread in the absolute pressure data between experiments is significant, a con- sistent pressure differential between hemispheres does occur and values are reported in Table 2 .
Results
Using the tissue properties and the boundary conditions specified herein, Fig. 7 illustrates pressure transient behavior calculated by the model at the two transducer locations for each experiment shown in Fig. 6 . Despite the somewhat coarse three minute time step size ͑driven by ratio of time step to space step squared for numerical stability; see Miga et al. ͓43͔͒ , the transient behavior is similar to that shown in Fig. 6 : a characteristic spike followed by a 10-15 minute relaxation period. Although our porous media consolidation model assumes elastic tissue properties, the transient pressure changes are very close to those measured experimentally. Table 3 reports the average steady-state and peak transient differential pressures between hemispheres and demonstrates that the calculated steady-state averages, although lower, are a reasonable approximation of the experimental values. Figure 8 represents the pressure propagation that occurs in the model over time when subjected to a 10 mm piston push. The figure highlights multiple cross sections from the sagittal and coronal midline where the respective pressure distribution at different time points are shown with grayscale shading. The sagittal images on the left represent the time-dependent distribution from a single simulation, which is characteristic of the behavior found in all cases, while coronal cross sections are presented from each of the individual simulated experiments. It should be noted that the pressure distributions at each time point have been normalized to the maximum pressure in the domain to enhance contrast. At the onset of deformation ͑top row in Fig. 8͒ , a strain-induced pressure is generated subsurface, which is higher than the prescribed pressure found at the piston surface ͑located in the upper right of each coronal image͒. Also notice that drainage occurs at the contralateral temporal lobe ͑low-pressure layer on left side in each coronal image͒ and at the brain stem ͑low pressure at the stem in sagittal images in left column of Fig. 8͒ . Over time ͑middle and bottom rows in Fig. 8͒ , the layer of low pressure in the contralateral hemisphere begins to approach the pressure level in the subdural spaces, which in this case was specified to be the same as the brain stem, 0 mmHg. Additionally, the subsurface strain-induced pressure is alleviated and the highest pressure in the volume occurs at the piston application area. In Experiment # 2 there does appear to be a subsurface low-pressure contour. This seems to be a heterogeneity effect where the strain-induced pressure gradients located in the surrounding gray matter use the track of white matter to drain preferentially to the brain stem.
Another important aspect of modeling the transient pressure behavior is to investigate its effect on bead displacement. Figure 9 reports the beads trajectory displacements at the initial and end time points for a 10 mm piston displacement ͑top two subfigures and bottom left are x, y, and z displacement, respectively, with the bottom right being total displacement͒. With respect to the trajectory comparisons shown in this figure, it should be noted that the CT measurements reflect predominantly steady-state conditions. Table 1 Average "maximum… total bead displacement at steady state over the three experiment series Table 2 Approximate gradient ranges observed between sensors over the three in vivo porcine experiments and their respective simulations. dP s and dP p are the differential pressures at steady state and peak transient, respectively. Table 3 Average "maximum… total displacement error characteristics over time at the dÄ10 mm displacement level with pressure defined by the calibration curve from previous work for the three calculations shown in Fig. 7 As a result, the bead trajectories can be seen to agree better at longer times. Figure 10 shows how the total displacement error decreases over time while the percent recapture increases over time. The percent recapture is a measure of the bead deformation, which the model correctly predicts relative to the total bead displacement. In the context of accounting for intraoperative shift during surgery, this quantity can be thought of as the percentage of brain shift accrued from deformation that is recovered by the model. In Fig. 10͑a͒ , net changes in displacement error during the pressure transient are on the order of 0.5 mm on average ͑1.0 mm maximum͒, which is approximately 15 percent of the average ͑and maximum͒ total bead displacements ͑at 10 mm piston push, average total bead displacement is 3.1 mm and maximum is 7.0 mm͒. From Fig. 10͑b͒ , this translates to a 10-15 percent difference in the predictive capability of the model over time.
Discussion
In Fig. 6 there appears to be a higher post-advancement pressure level in the experimental data, which suggests that full drainage has not occurred, causing gradual accumulation of straininduced pressure with each successive piston application that was not fully captured by the computational model. It is possible that the central nervous system has some intrinsic pressure/volume compliance, which is not reflected in our boundary conditions. For example, in each experiment there was a variable amount of cortical blood vessel hemorrhage. Additional blood volume from ruptured cortical surface vessels during implantation would affect this compliance relationship and may cause larger strain-induced gradients to develop in the tissue. Evidence of some hemorrhaging, although not traumatic to the tissue, was contained in the pathology report. Fortunately, the term (1/S)(‫ץ‬p/‫ץ‬t) in our partial differential equation description can contribute to pressure accumulation and awaits further investigation.
The measured pressure peaks are also noticeably lower in absolute terms than those calculated; however, the experimental measurements shown in Fig. 6 were averaged over 5 seconds ͑50 samples͒ and the transient spikes were higher in the raw data. With respect to the model, the new boundary condition, which permits drainage contralateral to the piston, is only specified on the far-field temporal lobe and at the brain stem. Recent experience has indicated that reduced pressures can occur if the drainage surface is larger or if the hydraulic conductivity describing flux across this surface is greater. Adjusting these parameters does affect both pressure accumulation and peak pressure magnitudes, and further calibration is needed. It is important to recognize that the transient characteristics in the pressure propagation in the model ͑absolute pressure magnitudes, transient decay rates, etc.͒ are driven by the flow of interstitial fluid in relation to changes in volumetric strain, which are directly controlled by the degree of pore space saturation and values of hydraulic conductivity. Further, differences in pressure dynamics that are spatially distributed contribute to tissue deformation in a manner that is closely linked to medium stiffness properties. Specification of surface drainage through boundary conditions along with the material property het- erogeneity patterns contained in the model description also influence both the evolution of the pressure distribution and its coupled displacement field.
Although lower, the steady-state pressure differentials between hemispheres reported in Table 2 demonstrate that the boundary calibration curve derived in Miga et al. ͓37͔ and employed here qualitatively captures the pressure gradient profile observed experimentally. The most noticeable discrepancy is the pressure difference between hemispheres during the peak portion of the pressure transient where the calculated difference is significantly lower than its measured counterpart. There are several possible reasons why the pressure differences across the brain are lower in the calculations. First, the contralateral lobe drainage boundary condition may need to be applied over a larger area, which would create a larger gradient across the medium. Second, there is no specific modeling of the falx cerebri and interhemispheric fissure systems that divide the hemispheres and could have a substantial effect on the pressure communication across lobes. Third, the aforementioned implicit bulk pressure/volume compliance in the tissue may need to be modeled. Although more quantitative validation is necessary, the simulations are satisfying and have captured the dominant characteristics in the transient behavior and steady-state pressure gradients that develop.
The potential importance of capturing early transient effects under neurosurgical loading conditions is shown in Figs. 9 and 10, where we see that a 15 percent change in subsurface displacement can occur over the course of 15 minutes. These changes are driven by the brain's hydrodynamic nature and would not be included in purely viscoelastic models. However, we should note that the effects of the pressure-gradient-induced deformation estimated here are closely coupled to the stiffness properties assumed in our simulations. We have performed many data-model match calculations in previous work to establish these properties; but, if the brain is found to be significantly stiffer by some elastic imaging technique ͑e.g., Muthupillai et al. ͓48͔͒, the hydrodynamic influence on deformation would be less. Given the degree to which the material properties used for the data-model match presented here adequately approximates the required global behavior in terms of hemispheric pressure differentials, subsurface deformation, interstitial pressure magnitudes, and transient decay, the overall model performance is quite impressive.
Based on this experience we find consolidation theory to be an attractive option for representing brain deformation under surgical load, which is consistent with Hakim's ͓33͔ classical description of the brain behaving like a sponge and reaffirms analyses of others ͓34,35͔ who recognized the inherent coupling between hydraulic regulation and elastic changes in the parenchymal volume. Prior evidence for the development of pressure gradients in the brain under acute conditions also exists that echoes our findings, with the most similar being the Wolfla et al. ͓45,46͔ studies. Clearly more studies are needed to improve the quantitative com- Fig. 9 Calculations analyzing the changes in bead displacement at 10 mm of piston-induced deformation during the transient with "a… tÄ180 s, "b… tÄ900 s. In each figure, the top two subfigures and bottom subfigure are x, y, and z displacement, respectively, with the bottom right subfigure being total displacement. parison between experimental data and consolidation calculations, but attractive avenues exist in terms of improving data-model match through boundary conditions, inclusion of anatomical structures that influence hydraulic transmission between hemispheres, and allowing time-varying pressure accumulation in the mass conservation equation. Undoubtedly, there are nonlinear forces at work under these large deformations that warrant further investigation. However, in our piston deformation experiments, we have found ͓37͔ that there is a substantial elastic recovery of brain tissue even under gross deformation. Further, at the macroscopic bulk tissue level associated with neurosurgical procedures, it is unclear whether the inclusion of nonlinear effects will be essential for updating images. In most image-guided surgeries, no attempt is made to compensate for any amount of intraoperative tissue deformation. Hence, if a first-order model ͑i.e., linear͒ can account for 80 percent of the motion, this would represent an important step forward. Nonlinear models can generate considerable computational expense, which may be difficult to justify if their modeling accuracy gains prove to be marginal.
Conclusions
Overall the pressure dynamics characterized by medium consolidation appear to model the propagation of pressure in brain tissue when subjected to short duration acute loads applied at a slow rate as in surgical procedures. Pathologically, the experimental protocol is minimally invasive and causes no significant trauma to the brain, which establishes the integrity of the measured pressure and displacement data. The data-model comparisons presented here have demonstrated that under relatively simple boundary conditions, pressure gradients that develop experimentally can be predicted reasonably well with the current model. To the best of our knowledge, the results presented here, albeit preliminary, are the first to correlate in vivo brain deformation and interstitial pressure measurements with a threedimensional consolidation model of brain deformation for application to the problem of intraoperative registration errors during image-guided neurosurgery.
A new boundary condition for creating the lateral distribution of interstitial pressure observed experimentally has been employed effectively to drain fluid from the parenchyma into the sulci and subdural spaces in the minimally deformed contralateral hemisphere. Also, hydraulic conductivity heterogeneity was required to reproduce interstitial pressure transient decay characteristics measured experimentally; the results yielded working values for pig brain tissue of k w ϭ1.0ϫ10 Ϫ10 m 3 s/kg and k g ϭ5.0 ϫ10 Ϫ12 m 3 s/kg for white and gray matter, respectively. Figure 10 has shown that a 10-15 percent change in total displacement can occur through interstitial pressure dynamics. The complex propagation of pressure in the brain induced by loading ͑i.e., Fig. 8 and Wolfla et al. ͓45,46͔͒ in conjunction with the transient effects demonstrated here numerically ͑i.e., Figs. 9 and 10͒, underscores the promise of modeling the brain as a biphasic continuum for loading rates consistent with neurosurgical intervention. This is further supported by the degree to which the behavior of measured interstitial pressures ͑Fig. 6͒ are captured by the model ͑Fig. 7͒. This is not to say that viscoclastic behavior should be ignored but rather carefully considered for its role in surgically induced brain deformation. A viscoelastic response is likely elicited when the brain is deformed, but the effect of this response may be more important on longer time scales ͑e.g., stresses on retractors will relax often during the course of an entire neurosurgical procedure͒. In fact, when examining the overall bulk behavior incurred by a loading event and the corresponding consolidation model response, it is quite remarkable that the model description ͑i.e., material properties, boundary conditions, geometric discretization͒ presented here can produce pressure differentials, subsurface deformation, pressure magnitudes, and transient decay characteristics that qualitatively and in certain cases quantitatively match the experimental data. Based on the results presented, the fluid/solid interaction provided by a porous media consolidation model appears to be capable of representing the early time-dependent behavior of brain tissue when subjected to a short-duration acute load consistent with neurosurgical events.
